Reymond P, Merenda F, Perren F, Rü fenacht D, Stergiopulos N. Validation of a one-dimensional model of the systemic arterial tree. Am J Physiol Heart Circ Physiol 297: H208 -H222, 2009. First published May 8, 2009 doi:10.1152/ajpheart.00037.2009.-A distributed model of the human arterial tree including all main systemic arteries coupled to a heart model is developed. The one-dimensional (1-D) form of the momentum and continuity equations is solved numerically to obtain pressures and flows throughout the systemic arterial tree. Intimal shear is modeled using the Witzig-Womersley theory. A nonlinear viscoelastic constitutive law for the arterial wall is considered. The left ventricle is modeled using the varying elastance model. Distal vessels are terminated with three-element windkessels. Coronaries are modeled assuming a systolic flow impediment proportional to ventricular varying elastance. Arterial dimensions were taken from previous 1-D models and were extended to include a detailed description of cerebral vasculature. Elastic properties were taken from the literature. To validate model predictions, noninvasive measurements of pressure and flow were performed in young volunteers. Flow in large arteries was measured with MRI, cerebral flow with ultrasound Doppler, and pressure with tonometry. The resulting 1-D model is the most complete, because it encompasses all major segments of the arterial tree, accounts for ventricular-vascular interaction, and includes an improved description of shear stress and wall viscoelasticity. Model predictions at different arterial locations compared well with measured flow and pressure waves at the same anatomical points, reflecting the agreement in the general characteristics of the "generic 1-D model" and the "average subject" of our volunteer population. The study constitutes a first validation of the complete 1-D model using human pressure and flow data and supports the applicability of the 1-D model in the human circulation.
wave propagation; heart model; cerebral circulation; ventricularvascular coupling; nonlinear viscoelasticity; ultrasound; noninvasive vascular imaging ONE-DIMENSIONAL (1-D) MODELS of the arterial tree are, to date, the models of choice for studying pressure and flow wave propagation in the arterial system. The primary reason is that 1-D flow equations are hyperbolic in nature and thus well adapted to describe wave propagation phenomena. Furthermore, the solution is given only for one spatial dimension and time and thus 1-D models do not require high computational power. In contrast, three-dimensional computational fluid dynamics models including fluid-structure interaction, although in principle amenable to describe wave phenomena, are computationally very intense and in consequence more adapted to studying detailed local flow fields rather than pressure and flow waves over extended regions or the entire arterial tree.
Distributed 1-D models of the arterial tree have been used extensively in the past (cf. Table 1 for review) for simulating wave propagation in the entire (2, 13) or parts of the arterial tree (6, 48, 50, 69) under various physiological (44, 50, 55, 70, 74) or pathological conditions (1, 3, 9, 36, 64, 71) . Careful examination of the different 1-D models (Table  1) reveals that these models vary substantially in many essential aspects of their formulation. The main differences, categorized in Table 1 , pertain to the following: 1) incorporation, or not, of a heart left ventricular (LV) model, this aspect is essential for studying ventricular-vascular coupling effects; 2) completeness of the systemic arterial tree, entire systemic circulation or parts thereof; 3) detailed description of the cerebral and coronary arteries; 4) inclusion of wall viscoelastic properties; 5) approximation of wall shear stress; 6) approximation of the convective acceleration term; and 7) boundary conditions at terminal sites. Table 1 shows that out of the 13 previously published 1-D models of the entire systemic circulation, only 2 of them [Formaggia et al. (14) and Fitchett (13) ] incorporated a heart model allowing for some degree of ventricular-vascular coupling; all others specified aortic flow or pressure as a proximal boundary condition. Furthermore, out of the same 13 1-D models of the entire systemic circulation, only 2 [Avolio (2) and Fitchett (13) ] included a detailed description of the cerebral arterial tree and none included the coronary tree in their model. Viscoelasticity was often neglected except in Fitchett (13) and Avolio (2) . Most of the 1-D models included a wall friction approximation based on steady flow (Poiseuille) and neglected convective acceleration, and in the rest of the 1-D models there is a significant disparity in the way wall friction and convective acceleration is approximated. There is also great disparity in the way boundary conditions at the distal termination sites are formulated.
In view of the above, we undertook the present study to construct a 1-D model of the entire arterial circulation that is as complete as possible, i.e., it incorporates a heart model, it includes a detailed description of the cerebral and coronary arterial tree, it models nonlinear and viscoelastic properties of the wall in a physiologically relevant manner, it includes wall friction and convective acceleration effects while respecting the pulsatile nature of the velocity profile, and it provides for realistic distal boundary conditions at the termination sites. This model is subsequently validated against measurements of pressure and flow waves measured in various locations of the arterial tree in a group of young and healthy individuals to qualitatively assess correspondence between model predictions and actual arterial pressure and flow waves.
METHODS

Mathematical Model
Governing equations. Arteries are considered as straight long tapered segments with viscoelastic wall. The 1-D continuity and momentum equations are obtained by integrating the continuity and longitudinal momentum equations of the Navier-Stokes equations:
where A(x,t) is the instantaneous arterial lumen area of radius R(x,t), u(r,x,t) is the longitudinal velocity component, Q(x,t) is the volumetric flow rate (VFR), P(x,t) is the transmural pressure, w(x,t) is the wall shear stress, b is the body force, and ⌿ is the arterial wall seepage. Blood is assumed to be a Newtonian fluid with density and dynamic viscosity . Equations 1 and 2 contain three primary variables (P, Q, and A), and thus one more equation is needed to close the system. This is given by the constitutive relation relating distending pressure, P, to local cross-sectional area, A (see Viscoelastic properties). which is a priori unknown. Approximations to these two terms using the Witzig-Womersley pulsatile theory are discussed below.
Viscoelastic properties of the arterial wall. The arterial wall behavior is nonlinear (elastic modulus depends on distention) and viscoelastic. Following Holenstein et al. (21) , we assume that the arterial lumen area at a given location is the sum of a nonlinear elastic, A e , and viscoelastic, A v , component, respectively.
The elastic component of the local area A e is related to the instantaneous distending pressure, P, via the local area compliance, C A e . The latter is a function of distending pressure but also a function of location. To account for both pressure and location dependence, we assumed that area compliance is the product of the pressure-dependent function, C p e (p), and a location-dependant function,
C d e (d , Pref) gives the compliance for a given local mean lumen diameter, d, and at a given reference pressure value, here taken as Pref ϭ 100 mmHg. In general, the arterial lumen diameter decreases as we move from the heart toward the periphery and this decrease is accompanied by a decrease in local area compliance; therefore, there is good ground to propose a general C d e (d , Pref) function for all arterial segments. The pressure dependency of the compliance in thoracic and abdominal aortas was measured and determined by (30) to be
with a1 ϭ 0.4, b1 ϭ 5, PmaxC ϭ 20 (mmHg), and Pwidth ϭ 30 (mmHg) yielding a good functional fit. These parameter values are retained for 
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Heart model: ϩ, presence of a heart model coupled to arterial tree. Complete systemic arterial tree: ϩ, all major arteries of systemic tree are included; Ϫ, the model is restricted to specific parts of arterial tree. Cerebral arterial tree: ϩ, detailed description of cerebral arterial tree, including the circle of Willis and smaller efferent vessels; Ϫ, cerebral circulation is limited only to major cerebral vessels (i.e., carotids and vertebrals). Coronary arteries: ϩ, presence of coronary arteries in the models; Ϫ, total omission of coronary arteries. Arterial wall viscoelasticity: ϩ, modeling of a viscoelastic arterial wall; Ϫ, arterial wall is considered elastic. Wall shear stress formulation and convective acceleration: Ϫ, wall shear stress is calculated based on mean flow and using Poiseuille's law. the entire arterial tree, assuming that the functional dependence of local area compliance on pressure is approximately the same in all arterial locations.
Most published data in the literature provide for estimates of local pulse wave velocity (PWV) rather than compliance. We therefore derive the values of compliance at the reference pressure from PWV values using the relation:
Reported values of PWV in the literature will be represented as a function of the mean arterial lumen diameter to deduce a global empirical relationship based on which compliance at every arterial location will be derived (see Physiological Data). To include the viscoelastic component, the model developed by Holenstein et al. (21) is implemented. The viscoelastic behavior is given by the convolution product between the elastic area, A e , and the derivative of a creep function, J(t).
In Holenstein et al., the values 1 Х 0.00081 s and 2 Х 0.41 s were derived from the published data by Bergel (5) . Furthermore, based on Bergel's data for the thoracic aorta, abdominal aorta, and femoral artery, we may assume that the viscoelastic coefficient, ã, increases linearly as the diameter decreases from heart to periphery. We may thus write
Considering the elastic and viscoelastic arterial wall components (Eq. 3), the continuity equation (Eq. 1) is rewritten in the following form:
Wall shear stress and convective acceleration term. Both convective acceleration and wall shear stress depend on the instantaneous velocity profile, which is a priori unknown in the 1-D formulation. Approximations need to be made. Earlier studies have used a number of different approaches for the two terms (see Table 1 ). Our approach is to use the Witzig-Womersley theory to model as best as possible the pulsatile effects on the velocity profile. Because the Witzig-Womersley theory is obtained in the frequency domain, this requires the knowledge of the local flow waveform over the entire heart cycle. To overcome this inherent difficulty, we assume that the solution is periodic and we use the flow waveform from the previous heart cycle to calculate the velocity profile and the wall shear stress using the relations:
We solve in time over a number of repeating cycles till convergence. Q is mean flow, Q n(z,t) is the n th harmonic of the flow pulse, and J0 and J1 are the complex Bessel functions of first kind and of zero and first order, respectively. In Eqs. 11 and 12, the artery radius, R, is assumed constant and equal to the local radius at mean arterial pressure; ␣i is the Womersley number for each harmonic defined as ␣i ϭ R(2fi/) 1/2 , with fi being the frequency of the i th harmonic. Distal vasculature models and boundary conditions at termination sites. Peripheral arterial segments are terminated with a threeelement windkessel (WK3) model, which accounts for the cumulative effects of all distal vessels (small arteries, arterioles, and capillaries) beyond a terminal site. The WK3 model accounts for the proximal resistance (R1), compliance (CT), and distal resistance (R2) of the vascular bed. The relation between pressure and flow in the time domain constitutes the distal boundary conditions and is expressed in differential form as:
Total peripheral resistances RT ϭ R1 ϩ R2 are estimated based on measured mean flow distribution in the major arterial beds (see In Vivo Measurements). For terminal arterial segments where flow rate is not measured or available, we completed the values assuming that the mean wall shear stress (given by Poiseuille's law) is the same as for nearby arteries. To define the values of the proximal (R1) and distal (R 2) resistances, we further assume that the wave reflections at terminal sites vanish at high frequencies. A reflection coefficient at the distal interface is defined as
where ZC ϭ ⅐ PWV/A is the characteristic impedance of the last arterial segment proximal to the terminal WK3. Reflections at high frequencies vanish when Z C ϭ ͉ZT͉. At high frequencies, the modulus of the WK3 tends toward the value of its equal to its proximal resistance (͉Z T͉ ϭ R1). Hence, the condition for minimal reflection at high frequencies is R 1 ϭ ZC. Distal resistance is then obtained as R 2 ϭ RT Ϫ R1. In the case of the present arterial tree, the minimal reflection at high frequencies implies that the ratio R 1-to-RT varies in the range of [0.05-0.4], compared with a fixed value of 0.2 arbitrarily chosen in previous studies (48, 64) . To respect the continuity in elastic properties of the terminal vessels, the windkessel compliance, C Ti, is assumed to be proportional to the area compliance, C A i , of the terminal vessel at its distal end:
where CT ϭ ͚ i C T i is the part of the total volume compliance attributed to peripheral vessels beyond the termination sites.
Arterial bifurcations. We impose continuity of pressure and flow across each branching point, neglecting thus any minor pressure losses occurring in the vicinity of the bifurcation. Earlier wave reflection analysis on the original Noordergraaf/Westerhof tree (71), subsequently modified by Stergiopulos et al. (64) has shown that significant nonphysiological reflections arise in the aorta and that this is primarily due to rather high reflection coefficients at various bifurcations along the aorta (F. Merenda, unpublished observations). Papageorgiou et al. (45) studied wave reflections along the aorta and concluded that the main arterial junctions are well matched for minimizing forward wave's reflections. The forward wave reflection coefficient at an arterial bifurcation is given by:
where Z is the characteristic impedance of the upstream and downstream vessels. To minimize forward wave reflections, we chose to adapt the characteristic impedance of the downstream branches, so that the absolute value of the reflection coefficient given by Eq. 16 is always Ͻ0.1. This is achieved by slightly adjusting the cross sectional area of the daughter branches, while keeping the arterial wall distensibility unchanged.
Heart model. At its proximal end (root of the ascending aorta), the arterial tree is coupled to a model of the LV. The LV is modeled using the varying elastance model, as suggested by Sagawa (49) . The varying elastance model is based on the time varying elastance [E(t)] of the left ventricle, which describes the variation of LV pressure (P LV) and volume (VLV) during a cardiac cycle:
where V0 is the dead volume of the LV (Fig. 1A ). Figure 1A also shows the four phases of the cardiac cycle, and it is to be noted that under physiological conditions (no leaky valves) only during ejection (phase II on Fig. 1A ) there is interaction between the LV and the arterial tree. Figure 1B shows the normalized varying elastance curve for one heart cycle. According to Senzaki et al. (54) , the normalized varying elastance curve is relatively invariable in young and old subjects and is relatively unaffected by various forms of disease. Hence, the varying elastance curve for any individual is fully determined by only three cardiac parameters, i.e., the maximal elastance (E max), the minimal elastance (Emin), and the time to maximum elastance (tmax). During ejection, the aortic valve is open and thus reflected waves traveling backwards in the aorta will be reflected according to the impedance mismatch between the proximal aorta and the left ventricle. Earlier studies (8, 56) have pointed out that modeling the ventricle as a purely compliant chamber yields nonphysiological wave reflection for the backward running waves and suggested the introduction of an internal LV resistance in series to its compliance to improve the wave reflection characteristics of the left ventricle. The internal resistance R int was introduced to explain, phenomenologically, the observed difference in the ventricular pressure of an ejecting heart (PLV) and the ventricular pressure during an isovolumic contraction P* LV (Fig. 1B) . Hence, in an ejecting heart ventricular pressure is equal to P* LV minus the pressure drop over the internal resistance:
Experimental evidence showed that internal resistance is itself proportional to P* LV, so that
Taking the above into consideration, we derive the following expression for the varying elastance of an ejecting heart:
where E * represents the elastance that would be measured during an isovolumic (nonejecting) contraction. Equation 20 allowed us to reconstruct a normalized isovolumic elastance, E * , from the normalized elastance curves, E, reported by (54; Fig. 1B ) and from aortic flow waves measured in vivo (see Heart model in Physiological Data).
Coronary model. Main coronary arteries are modeled assuming a systolic flow impediment, which is proportional to the varying elastance. The coronary vessel diameter and compliance are affected by the contraction of the myocardium. Epicardial vessels are affected differently from endocardial and subendocardial vessels, but for the sake of simplicity, we follow here the approach of Vis et al. (68) and assume that compliance and resistance changes are proportional to the local time varying elastance of each vessel, which, according to Krams et al. (27) , is assumed to have the same wave shape as the varying elastance of the left ventricle. Hence, we may express the contraction-induced changes in vessel wall distensibility (D w) and terminal windkessel properties (R1, R2, and CT) as follows:
where ε, ␣, ␤, and ␦ are constants of proportionality. These relations are applied to the left coronary arteries. For the right coronaries, we assume that the effect of the right ventricle contraction is smaller by a factor proportional to the ratio of maximal pressure in the two ventricles, taken as P LV,max/PRV,max Ϸ 6.
Numerical solution. The set of equations with the boundary conditions described above is solved using an implicit finite difference scheme to yield pressure and flow waveforms over the entire arterial tree. Nonlinear terms are iteratively solved at each time step using the Newton-Raphson method. We initialize the arterial with an arbitrary pressure of 100 mmHg and a flow of 1 ml/s in each artery, the solution being quite insensitive to the initial distribution of pressure and flow and always converging. Our convergence criterion is based on the maximum relative difference of 1% in pressure and flow between two consecutives cardiac cycles for all nodes and all time steps within the cardiac cycle.
Physiological Data
Geometry. The arterial tree dimensions are based on the original Noordergraaf tree (40), which was later adapted by Westerhof et al. Fig. 2A ). Because the Stergiopulos et al. tree did not provide for a detailed description of the cerebral circulation, we added the main afferent and efferent vessels in the vicinity of the circle of Willis, as shown in Fig. 2D . The considered circle of Willis is assumed to be complete, although representative of only (42%) of the population (26) due to significant anatomical variations from subject to subject. The geometry of the main cerebral arteries was obtained from averaged literature data (Table 2) and completed by real patient scans (3DRA and MRA). Many extracranial arteries, such as the superficial temporal arteries, have also been added to include points where pressure can be measured noninvasively (tonometry), which is required for the validation phase of the work. The secondary anastomoses, such as the internal-external carotid, subclavian-carotid, and subclavian-vertebral are not considered.
The Stergiopulos et al. (64) arterial tree model did not include the coronaries. Because the coronary circulation is particular and perhaps not well adapted to the 1-D model description, we decided to limit ourselves only to simplified description of the coronary tree, where only the main coronary arteries are included (Fig. 2B) .
Blood rheological invariable parameters in the current study are as follows: ϭ 1,050 (kg/m 3 ) and ϭ 0.004 (Pa ⅐ s). We assume an impermeable arterial wall (⌿ ϭ 0). Elastic properties. The values of PWV reported in the literature for different arteries as a function of the mean arterial lumen diameter are presented in Fig. 3 . We observe that, despite some well-anticipated dispersion, there is a general trend of an inverse global relation between artery size and PWV. To that effect, we fitted an empirical inverse power curve:
This simple empirical relation seems to be sufficiently well adapted, especially for large arteries with a lumen diameter Ͼ5 mm. For smaller arteries, encountered for instance in the vicinity of the circle of Willis, it seems to underestimate the PWV. The coefficients obtained from the best fit are a 2 ϭ 13.3, b2 ϭ 0.3, with R 2 ϭ 0.6. For intracranial arteries that are surrounded by the cerebrospinal fluid (CSF), we assume that the CSF mean pressure is of 15 mmHg and acts on the outer surface of the arterial wall. This implies that the distending pressure, which is lumen pressure minus external pressure, is decreased and thus the arterial wall compliance is increased (Eq. 5).
Viscoelastic properties. The linear viscoelastic coefficient, ã, was obtained by fitting Eq. 9 on the viscoelasticity data reported by (5) . The best-fit yielded a 3 ϭ Ϫ0.0062 (mm Ϫ1 ) and b3 ϭ 0.16 (R 2 ϭ 0.90). For cerebral arteries, which present a much stronger viscoelastic component [Bergel et al. (5) ], only one point that corresponds to the carotid artery was available; therefore, we assumed same slope (a3) as for the other arteries. However, the parameter b3 was taken as b 3 ϭ 0.34 to match the carotid viscoelasticity value.
Vascular resistance and compliance. Peripheral resistances were based on data by Stergiopulos et al. (64) . For the cerebral circulation, which was not included in the Stergiopulos et al. model, we derived peripheral resistances from mean flow data published in the literature or from our own flow measurements ( Table 3) .
The total systemic vascular compliance is the sum of the volume compliances of all vessels including also the compliance of the terminal beds, so that Cv ϭ ⌺ n i Cv,i ϩ ⌺ m i CT,i, where n ϭ 103 is the number of arterial segments and m ϭ 47 is the number of terminal beds. The volume compliance of each arterial segment is obtained by integrating the area compliance (Eq. 5) over the segment length. Volume compliances were finally adjusted so that the total systemic compliance matches literature values for a typical young healthy subject of the same age as the average age of our subject group. More than 50% of the total arterial compliance is in the aorta (23) , and thus only a minor part is attributed to peripheral beds. We here follow Stergiopulos et al. (64) and assume that the sum of compliances of the terminal beds is in the order of 20% of the total systemic compliance.
Heart model. We derived isovolumic elastance (E * in Eq. 20) from the global normalized elastance curve (E) reported by Senzaki et al. (54; Fig. 1B ). This required the use of a "standard" aortic flow waveform, which we obtained by averaging our own measurements with phase-contrast (PC)-MRI at the ascending aorta of a group of The main parameters of the heart model were taken from a study by Merenda (37) , who examined the influence of each parameter on the waveforms in the ascending aorta. Heart parameters yielding physiologically relevant aortic pressure and flows for young adults pressure The reference values chosen for the present study were V0ϭ15 ml, Emin ϭ 0.08 mmHg/ml, Emax ϭ 2.6 mmHg/ml, PEND-DIA ϭ 14 mmHg (54), and venous resistance (Rven) ϭ 0.003 mmHg ⅐ s ⅐ ml Ϫ1 . The heart rate is chosen to be 75 bpm, corresponding to average data for a 25 yrs old subject (39) . The time to maximum elastance is set to t max ϭ 340 ms, this being the average value between our own measurements and those published by (58) , who reported a t max range from 262 to 383 ms for subjects 36 -60 yr old.
In Vivo Measurements
To validate the 1-D model predictions, we performed noninvasive pressure and flow measurements in young healthy volunteers, aged 15-30 yrs old, at the Geneva University Hospital (HUG). The measurements were performed according to a protocol approved by the local ethics committee. All the volunteers provided written, informed consent. Volume flow rate waveforms were obtained in a first group of patients in systemic arteries using gated PC-MRI. In a second group of patients, flow was measured in precerebral and cerebral arteries using B-mode and color-coded duplex flow imaging. In a subgroup of this second group of patients, pressure waveforms were measured on superficial arteries using applanation tonometry. The foot of the end diastolic flow waveform was set as reference for time alignment of cardiac cycles for inter-volunteer data averaging.
Blood flow measurement using PC-MRI. Two-dimensional PC-MRI sequences (slice thickness ϭ 6 mm, Te/Tr ϭ 3.3/51.7 ms, flip angle ϭ 20°, field of view ϭ 220 ϫ 320 mm; Siemens Trio-Tim 3T System) were acquired at five different large artery sites (Fig. 4) on volunteers [n ϭ 6, male/female (4/2), age 28 Ϯ 1.3 (means Ϯ SD), height ϭ 178 Ϯ 12 cm] at rest and in basal conditions. The measurements planes were determined using flash angiography images to ensure that the plane was perpendicular to the vessel axis.
For aortic measurements, breathold sequences were run during 19 s to minimize movement artifacts. Twenty gated phase and magnitude images were acquired, gating being based on pressure pulse measured in the index finger. Arterial cross sections were manually segmented (Argus Flow software, Siemens) to follow lumen area changes over the heart cycle. The volume flow rate was the integral of the velocities across the lumen.
Blood flow measurement using color-coded duplex ultrasound. Color-coded duplex flow imaging with a 5-to 8-MHz linear phase array and a 2-to 4-MHz sectorial transducer were used to assess blood flow velocities in the cerebral vasculature (Toshiba medical device, Aplio 80). Color-coded duplex flow imaging was performed via the temporal, orbital, and occipital acoustic bone windows. Insonation angle was close to 60°, except for the middle cerebral artery where the angle was close to 0°. Diameter values of extracranial arteries were obtained using M-mode imaging. The subjects [n ϭ 8, male/female (4/4), age 26 Ϯ 4] were measured at rest at basal conditions and in the supine position. Two subjects were not included, because their examination showed inconstant cardiac cycle periods.
Pressure measurements using applanation tonometry. Pressure waveforms over 10 heart cycles were acquired on the distal radial artery, distal common carotid artery, and temporal arteries (Figs. 4 and 5) with applanation tonometry (SPT 301; Millar Instruments, Houston, TX) on basal conditions and supine positions [n ϭ 5, male/female (3/2) age 29 Ϯ 3]. Pressure was calibrated with brachial pressure measured with a sphygmomanometer, based on the assumption that mean and diastolic pressures do not vary much between the brachial artery and the carotid, radial and temporal locations.
Mean sphygmomanometer pressure is calculated as Pmean Х Pdiastole ϩ 1/3 PP (52), where PP is the pulse pressure (Psystole Ϫ Pdiastole).
RESULTS
Model Predictions vs. In Vivo Measurements
PC-MRI flow measurements of flow in the main aortic segments (ascending aorta, thoracic aorta, and abdominal aorta) and main lower limb arteries (common iliac and femoral Values are means (ml/s) Ϯ SE. *Assuming that resistances are inversely proportional to irrigated brain mass. †Averaged mean flow rate of the one-dimensional model to set the distal WK3 resistances in the efferent vessels of the circle of Willis. CCA, common carotid artery; ECA, external carotid artery; ACA, anterior cerebral artery; PCA, posterior cerebral artery; VA, vertebral artery; BA, basilar artery; CBF, cerebral blood flow; PC, phase contrast. artery) are shown in (Fig. 4, top) . Figure 4F includes also pressure measurements in the radial artery. All pulses are plotted in their natural time scale. Model predictions at the same arterial sites are shown in the corresponding lower panels. We observed a good overall agreement in both amplitude and wave shape at all arterial locations. A comparison between predicted and measured maximal, minimal, and mean flow is given in Table 4. Table 5 also gives the comparison for systolic, diastolic, mean, and pulse pressure. The discrepancies are typically of 22 Ϯ 16% (means Ϯ SD) for peak systolic flow and 12 Ϯ 11% for mean flow, whereas they are 9 Ϯ 6% for systolic pressure and 12 Ϯ 5% for diastolic pressure.
Cerebral artery flow waveforms predicted by the model are compared with ultrasound measurements in the middle cerebral artery, vertebral artery, internal carotid artery, and common carotid artery in Fig. 5 . Pressure waveforms were measured with applanation tonometry and compared with model predictions in the superficial temporal artery (Fig. 5B ) and common carotid (Fig. 5F ). As mentioned in MATERIALS AND METHODS, cerebral blood flow measurements are based on pulsed Doppler data velocities and an "average" local vessel lumen diameter. This means that the absolute values for flow obtained experimentally may contain a significant error, whereas the shape of the flow waveform is rather accurately captured by the Doppler ultrasound. Indeed, the similarity in the flow wave shape between model and measurements is quite evident (Fig. 5, A,  C, D, and E) , with all primary and secondary wave shape features being captured quite well. Table 6 quantifies the effects of adding viscoelasticity and applying Witzig-Womersley's theory to derive more accurate expressions of convective acceleration and wall shear stress. Differences in pressure and flow waveforms with respect to the "control" model are reported as the root mean square of the difference over the entire heart cycle in three representatives arteries (thoracic aorta, common iliac artery, and middle cerebral artery). As a control model, we take the same 1-D model but without viscoelastic effects and with convective acceleration and wall shear stress being estimated using a quasi-steady parabolic profile. We observe that viscoelasticity as well as convective acceleration and wall friction impact in a significant manner on the flow waveform, in all three arterial sites. The effect on pressure is only important in the peripheral sites (common iliac and middle cerebral artery) but not in the aorta.
Effects of Viscoelasticity, Convective Acceleration, and Wall Friction Formulation
Model Predictions in Presence of Detailed Cerebral Circulation
To assess the importance of having a detailed description of the cerebral arterial tree, we examined the predicted pressure and flow waves at two arterial locations: the common carotid artery, which feeds into the cerebral circulation and thus is susceptible to reflected waves coming back from the distal cerebral sites, and the thoracic aorta, which is expected not to be directly affected by the cerebral vasculature. As a control, we take a simple description of the cerebral tree as given in the model by Stergiopulos et al.
( Fig. 2A; Ref. 64 ). To preserve equivalence in terms of the global wave propagation and reflection properties, the distal sites of internal and external carotids and vertebral arteries of the "control" model were terminated by lumped WK3 providing the same total terminal resistance and compliance as the detailed cerebral arterial tree model. The results are shown in Fig. 6 . We observe considerable differences in the carotid pressure and flow waveforms, the differences in flow being substantial in both amplitude and wave shape. We notice, in particular, that in presence of the detailed cerebral tree, the computed flow exhibits a physiological pulsatility and only forward flow throughout the heart cycle. In the absence of the detailed cerebral tree, the predicted common carotid flow exhibits an abnormally high pulsatility and a nonphysiological backflow at the dicrotic notch (compare also with in vivo measurement in Fig. 5 ).
DISCUSSION
This study aimed in achieving two goals: first, to improve the 1-D model of Stergiopulos et al. that we developed earlier (64) and that we have successfully utilized as a research tool in a number of subsequent studies (59 -63, 72) ; and second, to validate, at least in a semiquantitative sense, the predictions of the 1-D model with in vivo measurements of pressure and flow. The improvements were carried on at different levels. We included a heart model, we included a simple coronary model, we extended the cerebral circulation to include all major vessels, we added viscoelasticity onto the nonlinear elastic properties of vessel wall, and we improved the description of the convective acceleration and friction terms by employing the Witzig-Womersley theory. Our results showed that the implemented improvements were important and in specific cases, such as the description of cerebral hemodynamics, essential. The validation was carried out by comparing our generic model predictions with average pressure and flow measured in a group of young subjects at different arterial locations. The validation was done by a quantitative comparison of systolic, diastolic, and mean pressure and flow as well as by a qualitative comparison of the shape and features of pressure and flow waveforms. Despite its generic character, the 1-D model provided pressure flow predictions that faithfully reproduced the wave characteristics in all arterial locations and Radial artery  122  125  69  74  87  90  53  51  CCA  101  115  68  81  85  97  33  34  Superficial temporal artery  106  119  71  79  87  96  35  40 thus we conclude that the 1-D model may very well be used as an efficient model for predicting pressure and flow wave propagation in the entire arterial tree.
Validation of the 1-D Model
A major driver for undertaking the present study was the lack of any previous validation of the 1 
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yield good predictions; however, neither the form of the waves nor the elastic properties of the in vitro tube network were matching faithfully their physiological counterparts, so the desire to validate the 1-D model using in vivo measurements remained.
In vivo validation is a difficult task. The difficulty arises from the fact that a fully quantitative validation would require a "subject-specific" approach, where all parameters defining the 1-D model (geometry, viscoelastic properties, peripheral impedances, and varying elastance of the heart) are measured or estimated precisely on a specific subject. Only then, 1-D model predictions at several arterial locations could be compared quantitatively with the in vivo measurements in the same person and the same locations. This is clearly a formidable, if not impossible task. We therefore opted for an alternate, less quantitative but easier to implement solution: perform measurements on a group of young individuals and obtain average pressure and flow waveforms at different arterial sites, which are then compared with the 1-D model predictions. The logic behind our approach lies in that the 1-D model is constructed based on literature values reflecting, to a certain extent, the average young adult. In that respect, the general 1-D model may not reflect the characteristics of a single specific subject, but it should be, qualitatively at least, close to the average of a group of young subjects. The consequence of this approach is that the comparison can only be carried out by examining the qualitative characteristics of the pressure and flow waveforms, such as the wave shape at different arterial locations, rather than the absolute values of the pressure and flow waveform.
The qualitative comparison between the model predictions and measured pressure and flow waveforms is judged overall quite satisfactory. The results show that the model is able to reproduce the main aspects and features of physiological flow and pressure waveforms in large systemic arteries (Fig. 4) as well as in the arteries of the cerebral circulation (Fig. 5) . In the aorta, model predictions have captured well the existence of a significant backflow in early diastole in the infrarenal region (Fig. 4C ) and in the common iliac artery (Fig. 4D) , a wellknown feature that is also seen in our MRI measurements. Backflow is absent in the suprarenal aorta, a characteristic also present in the predicted flow waveforms. Comparisons are particularly interesting in the cerebral circulation, where flow waveforms are more complex and exhibit significant variations in their shape at different locations. We observe that the model captures quite well most of the qualitative wave shape features of flow in all cerebral sites. Measured flow waves in the common and internal carotid exhibit a sharp primary systolic peak followed by a second less pronounced peak in early diastole. Model predictions captured well these characteristics. Measured flow waves in the vertebral artery show a "3-peak structure," with a second shallow peak appearing in late systole. Again, model predictions show the same structure. Flow in the middle cerebral artery exhibits a characteristic plateau midway in the descending part of the systolic peak, and this feature is well represented also in the flow predicted by the model. The same plateau appears also in the temporal pressure wave measured by tonometry in vivo, and it is also present in the model predictions. There seems to be less good of an agreement in the shape of measured and predicted common carotid pressures, both shapes resembling a typical ascending aorta wave, which is expected by the proximity of the vessel to the aorta (25, 35) . Radial pressure waveform presents the same sharp peak at systole between the model and in vivo measurements, which is in accordance with data reported by Kelly et al. (25) McDonald et al. (35) . This feature is typical of person in the second to fourth decade and different from elderly people, where increased and faster wave reflections occur at the end of systole. 
Importance of Viscoelasticity, Convective Acceleration, and Wall Friction Formulation
As seen in Table 1 , very few of the previous models have introduced viscoelastic effects in their formulation. This is probably due to the fact that limited data are available on the viscoelastic properties of the human arterial wall. Yet, energy losses and damping effects due to wall viscoelasticity are of the same order magnitude as wall friction in large and medium size vessels. Table 6 shows that adding viscoelasticity leads to changes in the predicted pressure and flow in the order of a few percent in the thoracic aorta, and this is consistent with previous finding [Segers et al. (53) ]. The effects become more significant in the periphery, especially on the flow wave. We may thus conclude that viscoelastic effects maybe important, especially when fine details on peripheral sites are sought. The way we have modeled viscoelasticity is not unique and the data upon which we derived the viscoelastic properties of the entire arterial tree are from the classic study of Bergel (5), performed on a limited number of canine arteries. Hence, there is clearly a need for a consistent set of data derived from human subjects.
Our model is the only global arterial tree model that includes viscoelastic effects and nonlinear wall elasticity at the same time. Avolio (2) and Fitchet et al. (13) have developed models of the entire arterial tree including viscoelastic effects but have considered a linear constitutive relation for the arterial wall. The effects of nonlinearity have not been analyzed in detail here, because this has been done in detail earlier in the work of Segers et al. (53) . Segers et al. found that the root mean square of the difference of difference in pressure between a linear and nonlinear model is in the order of 2% in the aorta to 3% in the brachial artery and to almost 9% in the femoral artery. The differences are thus more significant in peripheral arteries and of the same order as the viscoelastic effects.
Wall friction and convective acceleration terms were derived from Witzig-Womersley's theory. This is, of course, still a rough approximation, because it assumes straight, rigid tubes and developed flow. Entry effects, curvature, nonplanar geometries, and bifurcations would lead to substantial deviations from Witzig-Womersley's theory, with wall shear stress being rather underestimated in most cases. Witzig-Womersley's theory, constitutes, nevertheless, an improvement over the Poiseuille flow approximation, which has often been used for estimating friction and the convective acceleration term (Table  1) . We evaluated the difference it makes to use WitzigWomersley's theory instead of simple quasi-static Poiseuille on predicted pressure and flow at different arterial locations, and the results are presented in Table 6 . With the exception of pressure in the thoracic aorta, the effects of replacing Poiseuille by Witzig-Womersley's theory on both the friction term and the convective acceleration term were significant and of the same order of magnitude as the viscoelastic effects. We therefore conclude that, as for viscoelasticity, if details are sought, we should develop more precise ways of modeling the friction and convective acceleration terms. This may require developing semi-empirical models for taking into account nondeveloped flow and the effects of curvature, branching, and nonplanar geometries.
Cerebral Circulation
With the exception of models specifically designed for studying wave propagation in the cerebral circulation (1, 19, 29) , most of the other earlier 1-D models included a very simplified representation of the cerebral circulation, with typically only the major proximal vessels (i.e., carotids and vertebrals) being included in the model (Table 1) . We have hypothesized that the completeness of the cerebral circulation is necessary for obtaining an accurate prediction of pressure and flow not only in the distal vessels and in the vicinity of the circle of Willis but also in the proximal major vessels (i.e., carotids and vertebrals). The rational for this hypothesis is that the distal cerebral arterial tree constitutes a complex arterial network with specific topological wave transmission and reflection properties, which will influence considerable pressure and flow in the entire cerebral circulation. The importance of a detailed cerebral arterial tree on wave reflections was first recognized by Avolio (2) . Our results indeed show that predicted wave shapes in the carotid artery are strongly affected by the presence of a detailed model of the distal cerebral circulation. This was clearly demonstrated in Fig. 6 , where the shape of the predicted common carotid pressure and flow is substantially different when the detailed cerebral arterial tree (Fig. 2D) is substituted by the simplistic one of Stergiopulos et al. (Fig. 2A; Ref. 64 ). The effects on the flow waveform are remarkable, despite the fact that the distal impedances at the termination points of the simple cerebral arterial tree model were carefully set to match the resistive and compliant characteristics of the detailed cerebral tree. Of particular importance is the enhanced pulsation, which exhibits the flow wave in absence of the detailed distal cerebral tree. The enhanced pulsation leads to negative flow in early diastole, a phenomenon clearly nonphysiological, because we know from in vivo measurements that flow is purely unidirectional in the carotid. Values are the root mean square of the difference over the entire pressure or flow wave in absolute (relative to the reference model in %). Reported data are difference between a "control" model using varying elastance model but not considering viscoelasticity, improved wall shear stress, and convective acceleration terms and models that consecutively consider viscoelasticity, wall shear stress, and convective acceleration formulation. *Improved wall shear stress and convective acceleration terms from Witzig-Womersley theory.
We attribute these effects to the enhanced, nonphysiological wave reflection properties of the simplified cerebral tree, and in that respect we agree with Avolio (2). We therefore conclude that a detailed cerebral arterial tree is necessary for obtaining accurate pressure and flows in the cerebral circulation, even in the major proximal cerebral vessels. On the other hand, the effects of the cerebral circulation in the aorta are, as expected, minimal (Fig. 6B) . This means that if the scope of the model is confined in all the other vessels of the systemic circulation and not concerned with cerebral blood flow, a detailed description of the cerebral circulation may not be necessary. We note, however, that abnormally high reflection coefficients in the main systemic arteries, such as those present in the original Noordergraaf-Westerhof model, lead to nonphysiological waves along the aorta, manifested by the presence of excessive reflected waves and high augmentation index in the ascending aorta. The optimization of all reflection sites performed in the present model improved the wave reflection profile and led to physiological pressure waves in the aorta.
Heart Model
Most of the previous 1-D models of the arterial circulation used as proximal boundary conditions a prescribed pressure or flow wave. This is of course acceptable; however, it implies that the chosen proximal wave corresponds to the particular state of the arterial tree. This is because the aortic pressure and flow wave are the results of the interaction of the heart and the arterial system, and therefore any change in either the cardiac parameters (i.e., heart rate, contractility, filling, etc.) or the arterial parameters (i.e., resistance, compliance, etc.) would lead to changes in the aortic pressure and flow. Hence, the approach to describe pressure or flow as a proximal boundary condition is very limiting, especially for performing parametric studies involving changes in the cardiac side, the arterial side or both. Using a heart model, as the varying elastance model employed here, allows for such flexibility. The resulting pressure and flow waves are physiological and compare well, as seen in Figs. 4 and 5, with the measured waves. Although not in the scope of the present study and thus not presented in this work, we performed a number of parametric studies, where we varied cardiac and arterial parameters and we obtained reasonable pressure and flow predictions, reinforcing thus the general applicability of the heart model. Additional studies are required to further validate the heart-arterial system interaction process as captured by our 1-D model.
Limitations and Future Work
Limitations of the model with respect to the formulations of viscoelasticity, wall friction, and convective acceleration terms have been discussed above. The heart model is also a simplistic one, and there is evidence that the varying elastance curve may not be invariable with disease (24) . The model neglects venous circulation as well as pulmonary circulation. The effects of CSF circulation surrounding intracranial arteries have not been taken into account. The limitations of the windkessel models employed in the cerebral circulation are not known and need to be investigated in detail. Autoregulation phenomena, playing an important role in the cerebral and coronary circulation, are neglected. The coronary tree model is also a simplistic one, requiring further modeling efforts to include the effects of myocardial contraction on vessels and peripheral coronary beds.
The validation has been restricted to a group of young volunteers. Future work will consider the effects of aging and disease on arterial wall properties, peripheral impedances, and cardiac function, and validation on aged subjects or patients group will be performed.
This work permitted us to qualitatively validate the predictions of a generic arterial tree model based on averaged in vivo measurements on volunteers. Future work will be focused on a quantitative validation of the model on a specific subject. The arterial tree will be constructed based on geometry and elasticity data derived from measurements on the specific person, and model predictions will be compared with noninvasive in vivo measurements on the same subject.
Conclusions
We have extended and improved a previous 1-D model of the systemic circulation by including a heart model, a detailed description of the cerebral arterial tree, viscoelasticity, and a Witzig-Womersley theory-based formulation for the friction and convective acceleration terms. The model predicts pressure and flow waves which are in fairly good qualitative agreement with in vivo measurements, especially with respect to the shape and wave details. The results obtained validate the model predictions of pressure and flow in central arteries as well as in major arteries of the brain, reinforcing thus the general applicability of the model to the entire systemic and cerebral circulation.
